Recent advances in the study of patellofemoral joint biomechanics have provided promising diagnosis and treatment modalities for patellofemoral joint disorders, such as quantitative assessment of cartilage lesions from noninvasive imaging, computer simulations of surgical procedures for optimizing surgical parameters and potentially predicting outcomes, and cartilage tissue engineering for the treatment of advanced degenerative joint disease. These technologies are still in development and their clinical potentials remain an ongoing topic of investigation. We review some of our progress in addressing these issues, and the important role of cartilage mechanics and lubrication in understanding the challenges regarding patellofemoral surgery and cartilage tissue engineering.
Studies of patellofemoral joint (PFJ) biomechanics traditionally have focused on force analysis, joint kinematics, and articular contact forces, areas and stresses. These studies have yielded valuable insight that is applied routinely in the clinical treatment of patellofemoral joint disorders. 2, 3, 13, 27, 37, 47, 48 For example, one of the motivations for tibial tuberosity transfer in patients with patellar malalignment is to reduce contact forces and stresses at the articulation, to alleviate pain, and to restore function. 39, 62, 63 As new technologies have developed, such as noninvasive imaging of cartilage layers with magnetic resonance imaging (MRI), it has become possible to assess the precise distribution of cartilage thickness in patients who have been diagnosed with osteoarthritis (OA). 22, 26, 29, 43, 49 Advance knowledge of this cartilage thickness distribution may be helpful in planning for patellar realignment surgery because it may be possible to anticipate whether the shift in articular contact areas after surgery will produce weightbearing on thicker or thinner cartilage. 24 Because the cartilage thickness distribution may vary considerably among healthy and arthritic patients, quantitative methods for identifying regions of abnormal cartilage thinning would be valuable. 26 Computer modeling of diarthrodial joints also has evolved considerably in recent years, and it has now become possible to simulate certain surgical procedures using physics-based models derived from patient-specific imaging data. 11, 18, 24, 28, 32, 38, 71, 82, 83 Such simulations may help identify further the likely alteration in patellofemoral joint kinematics and articular contact after surgery. In patients with advanced OA however, realignment procedures alone may not be sufficient for achieving successful outcomes, and joint replacement also may be necessary. Cartilage tissue engineering, an emerging field in medicine, might be a promising alternative to artificial joints, wherein defects in the articular surface may be filled with cells 70, 103 or tissue grown in vitro. 35, 84, 90, 93 A potential long-term alternative to artificial joint replacement is the engineering of anatomically shaped tissue constructs which can replace the entire articular surface of the patella or femoral trochlea. 51, 52 For such procedures to be successful, it is essential to understand the mechanical demands on these constructs and the need to reproduce the mechanical and frictional properties of native tissue.
We review our progress in characterizing the threedimensional geometry of the articular layers of normal and osteoarthritic patellofemoral joints, using magnetic resonance imaging. 25, 26 By reporting specific applications, we show that knowledge of the cartilage thickness distribution may be useful not only for identifying articular lesions noninvasively, 26 but also for simulating tibial tuberosity transfer surgery whose aim is to shift contact areas and stresses to more healthy regions of the articular layers. 24 For patients with advanced PFJ osteoarthritis however, such surgical procedures may be inadequate and one alternative to arthroplasty is to implant engineered cartilage whose mechanical and frictional properties match those of normal native tissue. 52, 65, 66 A review of the salient biomechanical properties of normal tissue is thus provided to help guide the design objectives for cartilage tissue engi-neering. 8, 57, 58 The loop is then closed by demonstrating that the three-dimensional articular surface topography acquired from imaging can be used with computer-aided design methodologies to generate articular layers in the shape of the human patella. 51, 52 Thus, the aim of this review is to demonstrate how various engineering methodologies can be integrated comprehensively with the purpose of advancing treatment modalities for PFJ disorders.
Cartilage Layer Geometry and Thickness
The three-dimensional articular layer geometry of the human patellar and distal femoral surfaces has been quantified using cryosectioning, 98,102 stereophotogrammetry, 7,41,50 A-mode ultrasound 1 and magnetic resonance imaging (MRI). 19, 25, 29, 92 Authors of these studies have shown that the cartilage layers of the patella and distal femur are nonuniform across the articular surface. In the patella, the cartilage is thicker along the mid-horizontal plane, with the peak thickness on the lateral facet, whereas in the femur, cartilage is thickest in the trochlea, followed by the lateral condyle. 26, 49 The average cartilage thickness distribution in the patella and femur is shown on thickness maps (Fig 1) from a study by Cohen et al, 26 obtained from 14 normal joints. For these normal templates, the reported surface-wide average thickness was 2.2 ± 0.4 mm for the femur and 3.3 ± 0.6 mm for the patella, with peak values of 3.7 mm and 4.6 mm, respectively. More detailed values of the cartilage thickness in different compartments of the knee are presented by Hudelmaier et al, 49 classified by gender for young and elderly patients.
The ability to measure cartilage thickness and volume noninvasively with magnetic resonance imaging has made it possible to investigate these measures in patients with patellofemoral joint OA. 20, 21, 40, 43, 81, 87 In a study of 31 patients, Cohen et al 26 reported the average cartilage thickness distributions in 33 patellofemoral joints in patients with OA ( Fig 2A) and compared them with the normal templates (Fig 1) . The resulting "difference" maps provided an intuitive visual assessment of the distribution of cartilage loss across the articular surfaces of the patellofemoral joint ( Fig 2B) . These results confirmed that, on average, cartilage loss in patellofemoral joint OA occurs predominantly on the lateral facet of the patella, and to a lesser extent, on the lateral trochlea. Even though patients were diagnosed primarily with patellofemoral joint OA, cartilage loss on the femur was greater in the condyles than in the trochlea, with the greatest loss on the medial condyle ( Fig 2B) . These results help to support the hypothesis that patellofemoral joint OA rarely is isolated from tibio- femoral joint OA. The methodologies Cohen et al 26 developed in this study also can be applied to identify cartilage lesions in an individual patient.
Biomechanical Analyses and Surgical Simulations
Noninvasive imaging of cartilage layers with MRI also has been used to determine patellofemoral joint kinematics and articular contact areas in situ, at various angles of knee flexion, under load bearing. 25, 42, 44, 72, 80, 89 Although techniques for in vivo measurements of contact areas are still in development, results to date suggest good agreement with earlier in vitro studies on cadaveric joints. 2, 3, 37, 47, 48, 101 The benefits of anatomic reconstructions from MRI can be extended to the creation of physics-based models of diarthrodial joints, which then can be used in biomechanical analyses and surgical simulations. 11, 18, 24, 28, 32, 38, 71, 82, 83 In a study of 20 patients with patellofemoral joint OA, Cohen et al 24 created patient-specific models of the knee from MRI data ( Fig 3A) . Using these models, simulations of tibial tuberosity transfer surgery were done ( Fig 3B) for various amounts of anteriorization and medialization. The models were used to predict articular contact areas and stresses, taking into account the patient-specific variation in articular thickness. Cohen et al 24 showed that the mean contact stress decreased in the knee models of most patients after surgical simulation, although the outcomes were not always consistent. In 85% of patients, all four simulated surgeries produced a decrease in the mean contact stress; in the remaining 15% at least one of the sur-gical simulations led to an increase in stress. On average, the greatest decrease in stress occurred with 20 mm anteriorization (−17%), followed by 15 mm anteriorization (−15%), 15 mm anteriorization + 8 mm medialization (−14%), and 8 mm anteriorization + 8 mm medialization (−9%). Similarly, medialization of the patellar tendon insertion led to a substantial medial shift in the centroid of the contact area: a 4.4 mm shift with 8 mm medialization, and a 3.8 mm shift with 15 mm medialization. The counterintuitive finding of smaller medial shift in the contact centroid with greater medialization of tibial tuberosity reflects the interaction between complex articular surface geometry and contact mechanics. The average reductions in contact stress magnitude were statistically significant but seem relatively modest from a contact mechanics perspective. These types of surgical simulations remain to be validated in prospective clinical studies, which would establish whether patient-specific biomechanical outcomes obtained from such simulations correlate with clinical outcomes such as joint pain.
Cartilage Mechanics and Lubrication
One of the major factors implicated in cartilage degeneration is the magnitude of stresses and strains within the articular layers during contact loading. In posttraumatic OA, progressive joint degeneration is attributed, at least in part, to the initial mechanical failure of the tissue under excessive contact stresses. 12, 31, 53, 69, 85, 100 However, the magnitude of contact stresses alone does PFJ Biomechanics and Tissue Engineering not determine the magnitude of stresses and strains within the collagen-proteoglycan solid matrix of cartilage. The loading history (the rate of change and duration of applied contact stresses) and the mechanical properties of articular cartilage are essential factors that control the tissue's ability to sustain its loading environment or fail under pathologic conditions. Articular cartilage has high water content, ranging from 65% to 90% of the tissue weight, depending on age and location throughout the thickness of the articular layer. This water can flow within the porous-permeable collagen-proteoglycan matrix, albeit with great resistance because of the low permeability of the solid matrix. When cartilage is compressed, this interstitial fluid will pressurize considerably and contribute to supporting the applied contact stress. 68, 75, 104 If the stress is maintained constant the interstitial fluid pressure slowly subsides as the water flows away from the loaded regions, while the solid matrix deformation increases. Eventually, the tissue response reaches equilibrium, with no further change in deformation or strain with time. This time-dependent response, called flow-dependent viscoelasticity, has been successfully modeled by the biphasic theory of Mow et al. 74 This theory relies on measurements of the mechanical properties of the solid matrix under equilibrium conditions and the permeability of the matrix to interstitial fluid flow.
The biphasic properties of human patellofemoral joint cartilage have been reported by several investigators. 4, 5, 30, 36, 58 For example, Krishnan et al 58 determined the tensile and compressive moduli and radial and axial permeabilities of the solid matrix as a function of depth from the articular surface to the deep zone ( Fig 4) . As observed in the articular layers of other joints, 54, 91 the tensile modulus of patellar and femoral cartilage decreases from the superficial to the deep zone whereas the compressive modulus increases.
It has long been known from experimental measurements that the tensile modulus of cartilage is significantly greater (by up to two orders of magnitude) than its compressive modulus. Because the primary mode of loading of articular cartilage is in compression, the significance of this counterintuitive finding was poorly understood until recently. From studies in which the biphasic theory was extended to account for the disparity in tensile and compressive properties, 23, 94, 97 we now understand that the high tensile modulus of cartilage considerably constrains its lateral expansion under axial compressive loading. Because the water and solid matrix of cartilage are nearly incompressible, the great resistance to lateral expansion under axial loading produces highly elevated interstitial fluid pressurization within the cartilage. This elevated fluid pressure contributes to supporting more than 90% of the applied contact stress at the articular surface in the short-term response of cartilage to loading, 6,60 increasing the dynamic stiffness of cartilage in compression. 46, 55, 78, 88 These theoretical predictions have been verified experimentally. 77, 79, 95, 96 For example, in our study, 79 the fraction of the load supported by interstitial fluid pressurization was measured in unconfined compression stressrelaxation in human patellar and femoral cartilage and bovine calf femoral cartilage. At the articular surface, the fluid load support was 79 ± 11% in human tissue and 94 ± 4% in calf tissue; at the deep zone, where the disparity in tensile and compressive properties is smaller (Fig 5) , the respective values were 69 ± 15% and 71 ± 8%. The smaller magnitude of fluid load support observed at the articular surface of human adult cartilage, compared with immature bovine cartilage, could be a reflection of a greater degree of degradation.
Using their experimentally measured properties of human patellar and femoral cartilage (Fig 4) , Krishnan et al 58 did a biphasic finite-element analysis simulating articular layer contact. They found that the peak stresses in the solid matrix of the articular layer were tensile, occurring at the articular surface, at the center of the contact region, and oriented in a direction tangential to the surface. The peak compressive stresses in the solid matrix were about 10 times smaller than the peak tensile stresses because most of the compressive load is supported by interstitial fluid pressurization. In contrast, the peak strains occurred at the cartilage-bone interface, away from the centerline of contact. These theoretical results help to understand two commonly observed modes of cartilage degradation or failure under loading: (1) surface fibrillation and vertical fissures, which occur at the articular surface after impact loading, may be explained by excessive tensile stresses in the tan- Clinical Orthopaedics and Related Research gential direction; (2) occult injuries at the cartilage-bone interface may be explained by excessive strains or shear stresses in the deep zone. 9, 10 These results allow us to emphasize the importance of the tensile properties of the superficial zone in sustaining the compressive loads applied across the joint.
In addition to increasing the dynamic stiffness of articular cartilage under compressive loading, interstitial fluid pressurization plays a crucial role in regulating its frictional response. Because the primary function of articular cartilage is to act as a bearing material in diarthrodial joints, it is essential that friction and wear remain low under normal joint function. The friction coefficient of cartilage, which is the ratio of the friction force during sliding divided by the applied load, has been measured experimentally in numerous studies. 73 Although experiments have confirmed that the friction coefficient of cartilage can be very low (on the order of ∼0.002-0.02), they also have shown that it increases with time under a constant applied load. 34, 57, 61, 68 The rate of increase matches the rate of cartilage creep deformation attributed to flowdependent viscoelasticity, and the friction coefficient achieved under equilibrium conditions is much higher than that in the early-time response (∼0.1-0.5). This equilibrium friction coefficient is far too elevated to provide efficient lubrication because the resulting frictional forces produce considerable wear over a relatively short period of time. 33 Therefore, one must presume that, under in vivo loading conditions, equilibrium conditions do not prevail and the friction coefficient remains in the lower range of experimentally measured values. Interestingly, only a few investigators have focused on this time-dependent increase in the friction coefficient, even though this behavior holds the key to understanding the mechanism of lubrication in diarthrodial joints.
McCutchen 68 proposed that the time-varying increase in the friction coefficient is caused by concomitant decrease in fluid pressurization. As long as the pressure remains high, most of the compressive load transmitted across the articular surfaces would be supported by the fluid, thereby minimizing the friction between the solid matrixes of apposing surfaces. As the pressure decreases and fluid flows away from the loaded region, the solid matrixes would support a greater share of the applied load, producing greater friction. With the insight gained from the validation of the biphasic theory for cartilage, 74 which can predict the mechanism of fluid pressurization, other investigators supported this hypothesized mechanism for cartilage lubrication. 8, 34, 61 Krishnan et al 57 provided direct experimental verification of this hypothesis by measuring the frictional response of cartilage simultaneously with its interstitial fluid load support (Fig 6) . The linear negative correlation observed between these measured parameters agreed with Ateshian et al's 8 model, in which they formulated the dependence of the friction coefficient on interstitial fluid load support within the framework of biphasic theory.
The clinical significance of these results is that the frictional response of cartilage is governed only secondarily 17, 45, 86, 99 Because the friction coefficient remains low only as long as the interstitial fluid load support is high, the integrity of the cartilage layers is critical for maintaining low friction and wear. Any mechanism of tissue degradation (eg, fibrillation, chondromalacia, arthritis) that leads to a decrease in the tensile modulus relative to the compressive modulus of the tissue would result in a loss of interstitial fluid load support and increase in the friction coefficient. These findings suggest that intra-articular injections of hyaluronan in arthritic joints are not likely to reduce friction at the articular surfaces; any putative therapeutic effects of such injections would have to be attributed to other factors.
Tissue Engineering of Patellar Articular Layers
There are many challenges to engineering successful cartilage replacements. These include identifying suitable cell sources, media supplements, bioreactor design features, implantation procedures, postsurgical treatment, etc. Each of these challenges is critical to a successful tissue engineering strategy and progress toward this goal is advancing along these parallel tracks. The specific challenges addressed in functional tissue engineering studies 14, 52, 65, 66 are the importance of the mechanical properties and geometry of engineered cartilage constructs and strategies for successful implantation. Because the load support and frictional mechanisms of cartilage are so intimately dependent on its mechanical properties and because cartilage has a limited ability for repair in situ, our strategy for engineering cartilage constructs has focused on reproducing the normal properties of native tissue under in vitro conditions before implantation. 52 One hypothesis is that dynamic loading of chondrocyte-seeded constructs can promote mechanical properties that approach those of native tissue. 14, 56, 65 In a study by Mauck et al, 65 cylindrical agarose gels seeded with primary bovine chondrocytes were subjected to dynamic loading in unconfined compression at 1 Hz, for 3 hours per day over a period of 4 weeks. A control group of cells was cultured under similar conditions, without loading. The equilibrium modulus of the constructs increased from 4.8 ± 2.3 kPa at day 0 to 100 ± 16 kPa for loaded constructs and 15 ± 8 kPa for free-swelling controls at day 28. In comparison, the native tissue from which the cells were obtained has an equilibrium modulus of 277 ± 83 kPa. The authors showed that dynamic loading could be effective for promoting better mechanical properties in engineered cartilage. One potential advantage of dynamic loading of cylindrical disks in unconfined compression is that this loading configuration promotes compressive strains in the axial direction and tensile strains in the radial and circumferential directions, similar to the native environment of articular cartilage.
In a subsequent study, Mauck et al 67 showed that tissue growth and its response to dynamic loading also was dependent on cell seeding density and nutrient supply. Mechanical properties improved considerably when increasing the cell seeding density from 10 million to 60 million cells per mL, and the nutrient supply from 10% to 20% fetal bovine serum. After 56 days in culture, the equilibrium modulus of constructs in the high cell seeding density and high nutrient supply group was 186 ± 11 kPa in the dynamically loaded constructs and 85 ± 15 kPa in the free-swelling controls. Therefore, the dynamically loaded constructs had a modulus equal to 2 ⁄3 of the native tissue. Similarly, the dynamic modulus at 1 Hz was 1.64 ± 0.46 MPa in the dynamically loaded constructs and 0.87 ± 0.09 MPa in the free-swelling controls. In comparison, in similar testing conditions, the native tissue has a dynamic modulus of 7.0 ± 0.7 MPa. Interestingly, unlike the mechanical properties of the tissue constructs, glycosaminoglycan (GAG) content and collagen content were found to be the same in free-swelling and dynamically loaded samples. The authors suggest that ultrastructural matrix organization, and matrix products other than GAG and collagen may have a substantial influence on the tissue's mechanical properties. 61 The results of these studies are encouraging because they show the mechanical properties of tissue engineered constructs approaching those of native tissue. While simultaneously exploring alternative strategies to further improve mechanical properties of engineered constructs, such as growth factor supplementation 64 or dynamic hydrostatic pressurization, 15, 16 the challenge of implanting tissue constructs into osteoarthritic joints also has been considered. Because loss of cartilage in degenerative joint disease usually spans a large percentage of the articular surface ( Fig 2B) , one long-term strategy is to consider replacing the entire articular layer with an anatomically shaped tissue-engineered construct. 51 Authors have shown 51, 52 the feasibility of generating constructs in the shape of the human patella, using three-dimensional geometric data derived from stereophotogrammetric measurements. The basic approach is to create anatomically shaped molds using computer-aided design techniques to form chondrocyte-seeded gels into the desired shape ( Fig  7) . These constructs can maintain their original shape for several weeks in free-swelling culture even as the matrix elaborates.
To anchor anatomically shaped cartilage layers into the native subchondral bone of a joint, it may be necessary to engineer osteochondral constructs in which the cartilage layer already is anchored into a bony substrate. In our exploratory studies, 51, 52, 59 bovine trabecular bone was machined into the shape of the subchondral bone surface of a human patella using a computer-controlled milling ma-Clinical Orthopaedics and Related Research chine. Chondrocyte-seeded agarose gel was cast into the trabecular space to form an anatomically shaped osteochondral construct ( Fig 8A) . These constructs were cultured for up to 35 days under free-swelling conditions, showing progressive elaboration of matrix products from the periphery to the center. With such large constructs, it becomes apparent that nutrient consumption and diffusion limitations pose a considerable challenge for uniform matrix development 76 as evidenced by the GAG distribution on histological sections ( Fig 8B) .
DISCUSSION
Noninvasive imaging of the articular layers of the patellofemoral joint has made it possible to quantify the cartilage thickness and volume in healthy patients and in patients with OA. Quantitative techniques can help identify the location and extent of cartilage lesions by comparing a patient-specific thickness map against a normal thickness template. Such techniques may become useful clinically for tracking the progression of joint degeneration in patients. Some challenges exist for practical clinical implementation of these methodologies. For example, manual or semi-automated segmentation of the articular layers from MR images needs to be performed by trained technicians who are familiar with normal and pathological articular layer anatomy. In addition, uniform standards of image acquisition must be set to ensure appropriate quality control. Current efforts are under way by several investigators and companies to establish such standards and provide these services. Ultimately, the cost-effectiveness of these diagnostic modalities needs to be established by determining their impact on patient treatments and outcomes.
Our studies have also demonstrated that physics-based, patient-specific computer models of the patellofemoral joint can be created from MRI data and used to simulate surgical procedures such as tibial tuberosity transfer. When validated, these models potentially could be used to identify optimal parameters for surgery, such as the amount of medialization and anteriorization. More critically than for the case of cartilage thickness mapping, the effectiveness of these surgical simulation tools needs to be established from patient studies. If found to be suitably predictive, the cost-effectiveness of these procedures would also need to be investigated. Surgical simulations require 3D MR imaging of the afflicted joint, manual or semi-automated segmentation of the articular layers, bones, ligaments and tendons, and possibly muscle lines of action. The surgeon or a trained operator would need to perform the surgical simulations and translate the computational results into potential clinical outcomes. The added costs of surgical simulations would need to be outweighed by a significant improvement in actual outcomes.
In patients with advanced joint degenerative disease, arthroplasty currently is the main treatment modality. With PFJ Biomechanics and Tissue Engineering advances in cartilage tissue engineering however, it may become possible to replace entire articular layers with tissue-engineered osteochondral constructs whose geometry can be derived from noninvasive imaging of the patient's normal contralateral joint or from a database of normal joint geometries. One of the many challenges of tissue engineering scientists is to develop constructs whose material properties match those of native articular cartilage because these properties are essential for maintaining normal function and lubrication. Our studies of cartilage tissue engineering have focused on the need to reproduce the material properties and geometry of the native tissue in order to optimize survival of the implant in vivo. In addition to these aims, other challenges remain on the road to a successful tissue engineering treatment procedure, the most notable of which is the identification of the source of cells for clinical applications. Autologous chondrocytes or mesenchymal stem cells may prove to be adequate, although more research is needed to determine the clinical feasibility of various tissue engineering strategies.
